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Introduction
Methods for controlled and sustained drug delivery for local urological applications are not known. These advantages include direct therapy to the target organ, continuous maintenance of target drug concentration, and potentially reduced toxicity [1, 2] . Urology is a field in which minimally invasive techniques including catheterization, cystoscopy, and trans-rectal injection are available for device deployment into hollow, fluid-filled organs such as the bladder, uterus, or seminal vesicle. Some of these procedures are so minimally invasive that a device deployed in such a fashion might best be described at "insertable" rather than implantable. Urological drug delivery devices may be beneficial in situations where conventional treatments such as systemic oral administration routes and immediate drug release treatments have failed or become overly inconvenient and for which localized drug therapy is already being advocated. These situations involve indications such as interstitial cystitis, chronic prostatitis, non muscle invasive bladder cancer, and overactive bladder [3] [4] [5] [6] .
Biodegradable devices offer additional convenience and benefit by eliminating the need for a removal procedure. Devices that employ an osmotic pump to power drug release are capable of providing sustained, zero-order release over an extended period of time [7] [8] [9] [10] [11] [12] . An elementary osmotic pump device constructed of an elastomeric, biodegradable polymer forming its semi-permeable membrane is particularly advantageous as an insertable drug delivery system for a urological indication.
The osmotic pump mechanism is driven by the diffusion of water through a semi-permeable membrane into a compartment containing an osmotic agent. The resulting pressure compresses a separate compartment that contains the drug solution and expels drug at a controllable rate through a release orifice [7] [8] [9] [10] [11] [12] . If the orifice is too small, release is controlled by the pressure drop through the orifice. If the orifice is too large, release is controlled by simple bulk diffusion through the orifice. The desirable intermediate regime is one where the release rate is controlled by the permeation rate of water through the semipermeable membrane. The release rate for an osmotic pump operating under these conditions is estimated by the equation (Eq. 1) where dM/dt is the drug mass release rate, dV/dt is the volume flux of a solvent (drug mass flux out is positive, solvent flux in is negative), Δπ is the osmotic pressure difference driving the water permeation, C is the concentration of drug in the dispensed fluid, k is the water permeability of the membrane, A is the membrane surface area and h is the membrane thickness using the standard osmotic theory assumptions described in prior work [11] . The elementary osmotic pump (EOP) first developed by Theeuwes in 1974 employs a solid drug as the osmotic agent [11] . The EOP has advantages over earlier osmotic pump designs in that it can often hold higher drug payloads and does not require a separate salt compartment [7, 8] . The main drug release rate will remain zero-order providing the terms in Eq. 1 remain constant, a condition which can be controlled by optimizing the drug's solubility and the properties of the membrane [8, 11] . The size of the delivery orifice must also be carefully selected to ensure that it will not interfere with the release rate. The orifice must be small enough to minimize bulk diffusion of the drug through the orifice but large enough so that the release rate is controlled by flux of water through the surface of the device rather than the pressure drop through the orifice [8, 10, 11] .
Several previous osmotic pump implants have been constructed of non-degradable materials and have been limited to sub-cutaneous implantation due to their required removal procedures [13] [14] [15] . A biodegradable osmotic pump would enable implantation in other disease sites where device retrieval is restricted. Ryu et al. have reported on a micro-osmotic pump constructed of poly(L-lactide-co-glycolide) (PLGA) [16] . The investigators report the water permeability of PLGA is only 1 × 10 -21 m 2 /Pa-s. The low permeability of PLGA and small size of the devices limited drug delivery rates of 20 to 40 ng/day in this demonstration. Biodegradable elastomers in such devices may have advantages over PLGA due to their more flexible nature and similarity to the mechanical properties of soft tissues [17] [18] [19] . This mechanical compatibility allows for enhanced physiological fit. Elastomeric properties also provide greater utility in device implantation for such techniques as catheterization or biopsy injection. Devices constructed from biodegradable elastomers have also been demonstrated to achieve sustained drug release [20, 21] . These studies report on a reputed osmotic driven flux from drug embedded in a matrix of new biodegradable elastomer based on a photocrosslinked acrylated star copolymer macromer of ε-caprolactone and D,L lactide. In this method, drug and excipient is dispersed within the polymer matrix into micro regions. There is no hydraulic path from these regions to the surface of the device as their concentration is low enough to avoid percolation (typically lower than 10 vol %) and prevents rapid release of the drug. This low solids loading requirement again means a very small drug loading was achieved and the lack of osmotically driven hydraulic flow as in a conventional osmotic pump means that release rates will be very small unless the device is quite large.. In vivo performance of this photo crosslinked elastomer was not reported.
Our approach is to investigate a resorbable elastomer with a significant in vivo record and to construct a true elementary osmotic pump. This design framework will allow us to maximize drug payload by using the polymer on the exterior surface of the device with the interior volume composed only of drug. An exemplary elastomeric polymer is poly(glycerol-co-sebacic acid) (PGS), developed by Wang et al. in 2002 [22] . PGS has been shown to exhibit comparable or better biocompatibility than PLGA when tested in vivo [23] [24] [25] [26] . Its previously shown in vivo properties (surface-eroding degradation, maintenance of mechanical strength, minimal host irritation, and negligible degree of fibrous encapsulation) [22, 23] make it suitable for drug treatments including antibiotic therapy and post-surgical pain relief.
The drug payload used for this study is ciprofloxacin-HCL (CIP). CIP is a second generation fluoroquinolone antibiotic commonly used to treat a range of infections [27] . EOP devices for the release of CIP have been demonstrated in vitro [28] but were designed for oral use and not composed of resorbable materials.
Our current investigation is aimed at developing an antibiotic-releasing device to deploy into urological organs for treatment of chronic prostatitis over the course of three weeks. Thus, we have performed additional stability experiments monitoring the degradation of PGS in urological environments (synthetic urine, alkaline solution). Both the seminal vesicles and infected prostate glands are noted to be alkaline with a pH range of 7.8-8.3 [29] [30] [31] . The device can also be developed for other implantable therapies of similar time scale. The devices were fabricated with a micro-sized orifice and loaded with a solid drug core. Zeroorder delivery of CIP was obswerved over the course of ten days as is described below.
Materials and Methods

Device Fabrication
An aluminum mold was designed and machined in-house to cast PGS into consistent, reproducible tubular modules of specified core size. The mold design consisted of a 76.2 × 25.4 × 12.7 mm aluminum bar (McMaster-Carr, Robbinsville, NJ) that was milled to a depth of 10.8 mm with 1-mm margins. Seven 340 μm diameter holes were drilled on both ends at 2.5 mm intervals with 2.5 μm tolerance to provide sockets for wire alignment. Steel wires (330 μm diameter, Small Parts, Inc, Miramar, FL) were strung through each pair of end sockets to produce the ~300 μm core of the modules, allowing for the swelling of PGS that occurs from rinsing procedures after removal from the mold. PGS pre-polymer was synthesized by polycondensation of 1.4 moles each of glycerol (Sigma-Aldrich, St. Louis, MO) and sebacic acid (Aldrich) at 130 °C under argon for 24 hours before reducing the pressure from 1 Torr to 40 mTorr. The reaction was maintained at 40 mTorr and 120 °C for 30 hours. The pre-polymer was cooled and stored in a desiccative environment at room temperature until further use. 4 g of the PGS pre-polymer was melted at 160 °C in the aluminum mold. The pre-polymer was cured at 135 °C and 50 mTorr for 48 hours (Fig. 1) .
The orifice for osmotic drug delivery was drilled by excimer laser microablation using methods adapted from Engelmayr et al. [32] . A cured PGS slab (1.5 mm thick) within its mold was placed on the programmable x-y stage (accuracy ± 1 μm) of a Rapid X® 1000 excimer laser system (Resonetics, Nashua, NH). Desired pore diameters (e.g., 75, 100, and 150 μm) and layouts were patterned semi-automatically via a combination of a custom program developed in G-code and manual alignment of the laser to a paper template of the wire positions (Solidworks CAD software; SolidWorks, Concord, MA). The template was affixed with edges coincident to an in-house machined right-angle corner mount to assist in template-mold alignment. A power level of 350 mJ, burst frequency of 500/sec and burst count of 4000 were found to be suitable for complete microablation of the PGS down to the level of the stainless steel wire.
The mold was then soaked in de-ionized water (diH 2 O) for 24 hours at 60 °C before removing the wires and PGS casting from the aluminum mold. The casting was serially placed in ethanol (Pharmco, Brookfield, CT) for 24 hours, diH 2 O for 24 hours and then dried at 60 °C for 24 hours. The casting was roughly 1.5 mm thick and was cut by hand into modules with targeted dimensions of 10 mm × 1.5 mm × 1.5 mm, each containing a release orifice located about mid-length ( Fig. 1) . Control modules and 300 μm release modules did not contain a laser drilled orifice.
In Vitro PGS Degradation
A silicon wafer was spin-coated with sucrose solution to form a sacrificial release layer and 7 g ± 0.05 g of the PGS pre-polymer was melted and spread across the surface at 160 °C to form a 1 mm thick PGS sheet. The pre-polymer sheet was further cross-linked at 130 °C and 50 mtorr for 48 hours with a liquid nitrogen trap attached to the vacuum line. The PGS sheet was incubated in diH 2 O for 24 hours to induce delamination from the wafer via sucrose dissolution. The sheet was removed from the wafer and placed overnight in ethanol, overnight in diH 2 O and dried at 60 °C as described previously. Circular discs were cut from the sheet using an 8-mm diameter punch.
The PGS discs were weighed and deposited in pre-weighed 1.5 ml vials and immersed in 1 ml of 0.1 mM NaOH solution, pH~10. An additional line of PGS discs were weighed and placed in a 24-well plate and each was immersed in 1 mL of Surine TM Negative synthetic urine, pH~7.4 (Dyna-Tek Industries, Lenexa, KS). All samples were placed on a rotator at low speed and incubated at 37 °C. Each week throughout a course of six weeks, all samples were re-suspended in NaOH solution or synthetic urine and a subsection of samples were withdrawn for assaying. Three discs of each type (PGS in NaOH and PGS in urine) were rinsed in 1 ml diH 2 O and dried overnight at 60 °C in the assay protocol. The discs were then immersed in ethanol for 24 hours followed by immersion in diH 2 O for 24 hours and drying overnight at 60 °C. The final dry weight of each sample was recorded to monitor degradation over time.
In vitro release experiments
Ciprofloxacin hydrochloride (Aurobindo Pharma Ltd, Hyderabad, India) (CIP) was loaded into the PGS modules through solid packing into rods of 3-5 mm in length (see supplementary info for details on drug rod casting and loading procedure). Steel wires of diameter 0.015 inches (380 μm) purchased from Small Parts Inc were used as plugs to prevent CIP from leaking through the module ends. The approximate average thickness of each module side and the diameter of each packed CIP rod was measured on an Axiovert 200 inverted light microscope (Carl Zeiss MicroImaging Inc, Thornwood, NY) at 2.5X using the measurement feature of the accompanying AxioVision 3.1 imaging software. The modules were each immersed in 2 mL diH 2 O and stored at 37 °C. 1 mL of solution from each vial was withdrawn for concentration analysis and 1 mL of solution was replaced at each time point in order to approximate an infinite sink. The amount of CIP in each sample was determined using a quantitative HPLC-UV detection method for CIP adapted from USP.
An Atlantis T3 100 Å 250 mm × 4.6 mm, 5 μm column (Waters Corp, Milford, MA) was used with an eluting system consisting of acetonitrile (EMD Chemicals Inc, Darmstadt, Germany) as the mobile phase and 0.01 M phosphate buffer as the aqueous phase. The phosphate buffer consisted of a 2:1 molar ratio of sodium monophosphate (Mallinckrodt Baker, Inc., Phillipsburg, NJ) and phosphoric acid (Sigma Aldrich) titrated to pH 2.8. A gradient method was applied over 10 minutes with 20%:80% of mobile phase: aqueous phase at time 0 min., adjusted to 70% mobile phase by 8 min. and 20% mobile phase by 9 min. with a constant flow rate of 1 mL/min on an 1100 series HPLC solvent delivery system (Agilent Technologies, Santa Clara, CA). Detection was performed with a UV-visible detector set at 275 nm with an injection volume of 20 μL per sample. The limit of detection was approximately 50 ng/mL for ciprofloxacin in aqueous diluents and the retention time was around 5.6 minutes. CIP concentration standards ranging from 100 ng/ml to 30 mg/ml were used to construct a calibration curve. The modules were cut open at the end of each release experiment, and the drug content was extracted to determine the remaining CIP mass by HPLC-UV analysis.
Results
Device Fabrication
Photographs of PGS modules loaded with CIP-HCl are shown (Fig. 2B-2D ). Each module was approximately 1 cm long and contained a CIP rod of variable packing density in the range of 3-5 mm in length. Measured thicknesses of the PGS wall were in the range of 250-1300 μm although the target thickness was 600 μm for a 1.5 mm thick module containing a 300 μm diameter core. The thicknesses were variable both between the sides of the same module and between different modules due to the deformability of the polymer during cutting. Each orifice for the modules used in the release experiments was checked for release function by fluid injection and showed no obstruction. Laser drilled orifice diameters were either 100 μm, 150 μm, or in the range of 70-90 μm for these modules.
In Vitro PGS Degradation
The in vitro degradation profile of PGS at 37 °C was tested in both synthetic urine and sodium hydroxide solution at pH ~10 over a time period of six weeks (Fig. 3) Mass retention did not drop below 75 % after 3 weeks or 70 % after six weeks. PGS exhibits more rapid initial degradation at higher pH as compared to physiological conditions due to base-catalyzed hydrolysis. Stable, linear mass loss is soon recovered however, with a comparable degradation rate to that observed at pH 7.4. Fig. 4 shows results from a representative release experiment of CIP from PGS modules containing a 100 μm orifice compared to a control module without an orifice. The initial drug payload for each module was calculated by the sum of the total drug amount released during the experiment and the remaining mass extracted from the module at the end of the experiment, both measured by HPLC-UV. An induction time is observed before the onset of zero-order controlled release kinetics during which water permeates into the devices and begins to dissolve some of the drug payload. The two 100 μm modules are observed to release CIP at nearly the same rate after induction even though one of the modules contained nearly three times the payload amount of the other. The smaller payload profile begins to flatten out once its CIP contents become fully dissolved and subsequently depleted.
In vitro Release Experiments
Modules with different orifice sizes (70-90, 100, 150 and 300 μm in diameter) and control modules with no orifice were tested in release experiments to characterize the orifice size regime that would provide zero-order, payload-independent drug release. CIP release profiles were collected for each module and plotted as cumulative drug mass released vs. time after osmotic induction (Fig. 5) . The release rate for each profile portrayed in Fig. 5 was multiplied by the average PGS wall thickness measured for each module and plotted for each timepoint after induction (Fig. 6 ).
The 100 and 150 μm profiles shown in Fig. 5 and Fig. 6 illustrate zero-order kinetics of CIP release from the PGS modules, as the total drug amount released exhibits a linear relationship with time for most of the drug mass released from each payload. The release rate remains roughly constant over time during release of up to 90% of the drug payload for these modules, as shown in Fig. 6 . The rate then decreases as the payload becomes fully dissolved, as seen in the leveling of the profiles in Fig. 5 that approach completion of their payload release. The rate of drug release through 100 and 150 μm orifices for most of the drug mass released in these profiles is also independent of initial payload, as each module in this class released CIP at roughly the same rate even though some had 2-3 times the payload of others. The water permeability (k) of PGS was estimated to be in the range of 3.9-6.5 × 10 -17 m 2 /Pa·sec using the data from these modules. The value of k*Δπ in the work of Theeuwes [11] for the cellulose acetate used as the semipermeable membrane was measured as 0.686 × 10 -3 cm 2 /hr, which calculates k to be 7.7 × 10-19 m 2 /Pa·sec using the osmotic pressure of potassium chloride at 37 °C (245 atm) [12] .
The portion of the release rate due to diffusion was also estimated for these modules by applying the following
where D cip is the diffusion coefficient of CIP in water (D cip = 4.9 × 10 -6 cm 2 /sec) [33] , C cip is the solubility of CIP-HCl in water (C cip = 30 mg/ml) [34] , A orf is the surface area of the orifice and h is the average PGS wall thickness, assuming infinite sink conditions. The release rate due diffusion was estimated to be 26-33% and 65-68% of the total drug release rate for the 100 μm and 150 μm orifice modules, respectively.
The release rate from 300 μm orifices is payload-dependent, as initial release rates were variable among different drug payloads. The shapes of most of the 300 μm profiles (with the possible exception of the 427 μg payload) also suggest a more dominant diffusion release mechanism as they express significantly less linearity than the 100 μm and 150 μm profiles. The release rate for each module is shown to decline over time during the majority of the payload release (Fig. 6 ) thus implicating that 300 μm orifices do not permit osmotic control for zero-order release kinetics by allowing significant payload-dependent diffusion processes to occur.
Drug release from the control modules without an orifice is the result of CIP diffusion through either the PGS wall or any potential gaps between the PGS and the wire plugs. The control module drug release is measured to be approximately 4% of the release rate through the 100 μm orifices. This release rate is also zero-order and is driven by both a constant osmotic pressure gradient and a high, roughly constant concentration gradient which push CIP molecules through micro-gaps in the PGS matrix. Fig. 5 also suggests that 150 μm orifices release CIP at a slightly faster rate than 100 μm orifices. The thickness (h) of a semi-permeable membrane has a direct inverse relationship to drug release rate for both osmotic and diffusion components, as noted in Eq. 1 and Eq. 2. Wall thicknesses were measured for each module and were noted to be thinner for modules expressing a faster release rate among the 100 and 150 μm modules. Fig. 6 accounts for this variability, and thus multiplies the release rate for each module by its average measured thickness. Modules with 150 μm orifices are thus shown to release CIP at a comparable rate to those with 100 μm orifices. Modules with orifices of diameter in the range of 70-90 μm have slower release rates than the modules with 100 μm orifices, particularly in the case of the 70 μm orifice. These orifice sizes exist in a size regime where release rate is not independent of orifice size.
The average release rate measured among the six modules with 100 μm or 150 μm orifices was 2.45 ± 0.36 μg/hour. Induction times for drug release among modules were also variable, generally ranging between 12 and 48 hours with two exceptions at 63 and 82 hours which were attributed to higher packing of drug powder within the orifice channel. Drug release was thus inhibited until the orifice was cleared of solid drug by dissolution.
Discussion
In vitro degradation experiments suggest that PGS degrades hydrolytically through a surface eroding mechanism at the thickness scale of the proposed device (1-2 mm). PGS is shown to lose mass linearly over time in both urine and NaOH solution, a characteristic feature of surface eroding polymers [35, 36] . This surface-eroding behavior concurs with previously reported studies of PGS cured to a lower crosslink density via a lower applied pressure and temperature (30 mTorr, 120°C for 48 hours) which was shown to swell negligibly in water and degrade via surface erosion [22, 23] .
The surface eroding property of PGS also allows the crosslink density of the polymer to remain roughly constant while the molecules at the surface degrade. The diffusion coefficient of CIP in bulk PGS thus remains constant, as shown by the slow zero-order release of CIP through the PGS wall of the control modules without an orifice (Fig. 5, Fig.  6 ). The release kinetics should accelerate at longer times when significant PGS surface erosion into the core of the device has occurred. Optimal design of a drug delivery device would be one where the entire drug payload has released before degradation of the PGS. The degradation experiments also suggest that PGS can sustain a sufficient percentage of its mass to function as a drug releasing device of 1-2 mm thickness over a time period of a few weeks in both urine and NaOH. In vivo degradation will be substantially accelerated by the activity of surface eroding enzymes however, and will limit the use of this device to shortterm drug therapies [23] .
In vitro release experiments demonstrate that a prototype EOP for controlled drug release can be constructed from a hydrophobic bio-resorbable polymer that is also shown to be surface eroding at the length scale of the device. The permeation of water through a 0.2-1 mm thick PGS membrane is sufficient to enable osmotically-driven drug release and is not functionally inhibited by the polymer's hydrophobicity at this length scale. The PGS membrane is also shown to have a semipermeable nature, as drug permeation through the walls of the control modules which lack an orifice is shown to be negligible in comparison to drug release through an orifice. However, the current rudimentary device fabrication procedure lacks the precision to form a specified and uniform PGS membrane thickness (h), thus limiting the precision and reproducibility of the directly-dependent release rate (dM/dt). In addition, the steel wires used to seal the ends of the device will need to be replaced by microspheres composed of a stiff bioresorbable material such as PLGA or PLA in order for the device to be fully resorbable. This change to the device should not affect its elastomeric properties or release performance as long as the resorbable material functions in preventing the leakage of drug.
The results of these experiments concur with osmotic pump theory in that zero-order release kinetics were demonstrated for devices containing an orifice of the appropriate diameter (100-150 μm) in which the release rate was independent of orifice size. These results are similar to the range of orifice size eliciting zero-order release kinetics reported by Theeuwes, which was 75-274 μm for a potassium chloride EOP [11] . Estimates for the portion of the drug release rate due to diffusion from the 100 and 150 μm devices suggested that diffusion effects were still significant even though zero-order release was attained. This result is likely due to the low solubility of ciprofloxacin-HCl (30 mg/ml) [34] , permitting the maintenance of a saturated drug solution within the device core. The saturated drug solution provides a constant driving force for drug diffusion in addition to the constant osmotic pressure resulting in a combined mechanism for zero-order drug release. In the case of the non-linear release profiles noted for the 300 μm orifice devices, drug diffusion is likely fast enough that a constant, saturated concentration gradient cannot be maintained within the device.
Ciprofloxacin hydrochloride was also shown to function well as the active osmotic drug agent in the device core without need for co-formulation with agents of higher osmotic activity. CIP's low solubility in water can hinder certain processing methods such as solution casting, yet it improves the extended zero-order behavior of the drug release profile as the payload remains un-dissolved for a greater proportion of the release time period. The drug release rate could be increased as needed by incorporating multiple reservoirs/orifices modules while the treatment period can be extended by increasing the length of the device payload.
One potential application for an enhanced version of this device could be the treatment of chronic prostatitis (CP). This condition is common in men (approximate prevalence of 10%) [37] and is typically treated with ciprofloxacin or other fluoroquinones [38] . Furthermore, local antibiotic therapy involving intraprostatic injections has been advocated to achieve enhanced clinical efficacy in patients for which systemic antibiotic therapy has failed [4, 5] . A device could potentially be implanted into the seminal vesicle via transrectal needle injection to release an antibiotic drug into the nearby prostate gland for a period of 2-4 weeks (a typical course of treatment for CP) [39] . A proposed version of the device for this application, containing 8.0 -8.5 mg of CIP, could be 2.5 cm in length with 500-μm thick walls, a 450-μm diameter drug rod and a single 100-μm diameter orifice. This device would fit within a 14 gauge (1.6 mm inner diameter) transrectal needle for injection into the torturous inner tubule of the seminal vesicle (2-6 mm in diameter in the normal male) [40] . Using the direct relationships of release rate (dM/dt) with wall thickness (h) and length (proportional to A) from Eq. 1, the estimated release rate for this device is 16.6 ± 2.5 μg/hr. This rate corresponds approximately to 4 μg/ml of CIP per hour into the 3-4 ml fluid capacity of the seminal vesicle [41] and would be capable of killing most species of gramnegative bacteria responsible for CP (Minimal Inhibitory Concentration of 0.005 μg/ml -0.8 μg/ml for CIP) [42] .
Conclusions
The in vitro testing of the proposed device's performance has demonstrated functionality and stability of the device. Resorbable, elastomeric PGS was shown to effectively function as a semi-permeable material for an elementary osmotic pump to achieve controlled release of ciprofloxacin. Orifices with diameters of 100-150 μm were found to allow zero-order release kinetics for which release rate was independent of orifice size.
Supplementary Material
Refer to Web version on PubMed Central for supplementary material. Device fabrication process (schematic not drawn to scale). 1) PGS pre-polymer is melted in an aluminum mold strung with wires to produce hollow cores for drug loading.
2) The prepolymer is cross-linked under heat and vacuum for 48 hours. 3) A laser microablation method is used to drill release orifices in the top of the casting with wires left in place. Red marks indicate the positions of laser drilled holes. 4) The casting is removed from the mold and cut into rectangular modules. 5) Drug powder is loaded into the module which is plugged with stainless steel wires for use in release experiments. PGS castings. A) PGS tubes demonstrating flexibility of material. B) Sample PGS modules loaded with CIP and plugged with steel wires. C) Zoomed-in view of PGS module containing 150 μm diameter laser drilled orifice channel leading into 300 μm diameter core. D) SEM image of 100 μm diameter laser drilled orifice viewed from the orifice surface. Degradation profiles of PGS discs incubated in different pH conditions. The average percent mass remaining of each disc is plotted over time. Error bars represent standard deviation, n = 3. Representative ciprofloxacin release profiles from an experiment with 100 μm orifices in PGS modules. Cumulative amount released is plotted vs. time after immersion in DI-H 2 O. The payload for each module is noted in μg. The control module did not contain an orifice. Release profiles of ciprofloxacin from PGS modules with orifices of differing size. The induction time was subtracted from each release profile. Induction times were calculated through extrapolation via linear fitting of the first three points from the release regime of each profile. Orifice diameter is noted in μm and initial drug payload is noted in μg for each drug-loaded module. Horizontal error bars represent error in induction time which was calculated by least squares fitting error analysis. Vertical error bars represent accumulated error of HPLC calibration, and sample dilution. [Release rate*(average PGS wall thickness)] vs. time after induction for CIP-loaded PGS modules with different sized orifices. Release rate for each time point after induction was calculated as the slope of a three point moving average. Error in rate was calculated by least squares fitting error analysis. Rates were plotted for time points that corresponded up to 90% amount released of the total drug payload. Errors in drug payload were calculated by the accumulated error in CIP amount released from each time point in a profile. The average thickness of the three sides exposed to water for each PGS module was multiplied by the release rate at each time point.
